The current left ventricular assist devices (LVADs) are limited by a highly invasive implantation procedure in a severely unstable group of advanced heart failure patients. Additionally, the current transcutaneous power drive line acts as a nidus for infection resulting in significant morbidity and mortality. In an effort to decrease this invasiveness and eliminate drive line complications, we have conceived a wireless miniaturized percutaneous LVAD, capable of being delivered endovascularly with a tether-free operation. The system obviates the need for a transcutaneous fluid purge line required in existing temporary devices by utilizing an incorporated magnetically coupled impeller for a complete seal. The objective of this article was to demonstrate early development and proof-of-concept feasibility testing to serve as the groundwork for future formalized device development. Five early prototypes were designed and constructed to iteratively minimize the pump size and improve fluid dynamic performance. Various magnetic coupling configurations were tested. Using SolidWorks and ANSYS software for modeling and simulation, several geometric parameters were varied. HQ curves were constructed from preliminary in vitro testing to characterize the pump performance. Bench top tests showed no-slip magnetic coupling of the impeller to the driveshaft up to the current limit of the motor. The pump power requirements were tested in vitro and were within the appropriate range for powering via a wireless energy transfer system. Our results demonstrate the proof-of-concept feasibility of a novel endovascular cardiac assist device with the potential to eventually offer patients an untethered, minimally invasive support. ASAIO Journal 2018; 64:147-153.
Since the original report of first percutaneous left ventricular assist device (LVAD), 1 there has been a rapid rise in the use of percutaneous LVAD devices for temporary application. 2 Simultaneously, the use of durable LVAD devices show a consistent survival benefit. 3 However, the invasiveness of durable LVADs in a sick population of patients is associated with adverse events that have remained constant in the last decade. 4 Although percutaneous cardiac support devices minimize invasiveness, they are limited for short-term use, since several shortcomings hinder the use for long-term applications. For example, the greatest limitation of the Impella system (Abiomed, Danvers, MA), an FDA-approved temporary percutaneous cardiac support device, [5] [6] [7] [8] [9] [10] is related to an incompletely sealed motor, which requires a purge line to keep blood from entering the motor. Instead, we use a magnetically coupled system to address this limitation. The device consists of a motor and drive shaft with attached magnets completely sealed within the pump housing. An impeller surrounds the sealed drive shaft with embedded magnets that are coupled to the drive shaft magnets. Thus, as the drive shaft turns, the magnetic coupling allows the impeller to turn, without requiring a dynamic rotary seal around the drive shaft. This eliminates the need for an externally connected line of purge fluid, allowing for the potential of cardiac support outside of the hospital for short-to intermediate-term application. The combination of our pump design with a wireless energy transfer system [11] [12] [13] can yield a tether-free minimally invasive percutaneously deliverable LVAD that can significantly decrease the complications described above. This report provides a summary of early development of a novel LVAD at a percutaneously implantable scale utilizing magnetic coupling and preliminary proof-ofconcept bench top testing.
Methods
Several prototypes were developed to iteratively demonstrate function at smaller sizes. We focused on several areas for optimizing pump design, including the improvement of geometrical factors. Flow simulations were utilized to analyze the effects of relative changes in design parameters. For instance, impeller blades were optimized by varying the length, width, thickness, cross-sectional profile, angle, pitch, and number of blades.
hydrodynamic bearings with and without an additional axial contact bearing. We utilized rapid prototyping with 3D-printing to quickly manufacture the most promising configurations for further in vitro testing as well as computer numeric control (CNC) techniques to manufacture thin features requiring increased material strength. An overview of the five prototypes is provided in Table 1 .
Magnetic Coupling
Alternating magnetic pole configurations were compared with continuous pole configurations to assess magnetic coupling strength versus balance. Axially magnetized polarities were compared with radially magnetized polarities to compare magnetic coupling strength. Cylindrical orientations were compared with tubular orientations in terms of strength and design feasibility. Bar magnets were compared with arc segments to assess coupling strength and design feasibility.
Pump Design
The design range for the pump was a flow rate of 3.0-5.0 L/ min at 100 mm Hg pressure. This corresponded to rotational speeds of 20,600 and 23,600, respectively. The ventricular assist device was designed to have several fluid-contacting components. The inducer contains four blades that are immobile and attached to the inner lumen of the pump housing to reduce turbulent flow from the ventricle before reaching the impeller. The impeller contains three blades with the body attached to the driven magnetic coupling and accelerates fluid, resulting in an increase in kinetic energy. The fluid then traverses through an immobile diffuser containing three blades that is utilized to generating pressure by converting the kinetic energy from the impeller. Attached to the end of the diffuser is a flow straightener containing three blades, which orients fluid trajectories axially at the outlet of the pump.
Prototype Testing
Bench top testing was utilized to test the pump operation and acquire pump performance curves. A flow loop configuration was utilized. The inlet and outlet of the pump prototype were attached to a compliance chamber via Tygon R-3603 tubing. A variable flow device was utilized to modulate flow through the loop. Two pressure sensors were utilized to measure the pressure generation of the pump by subtracting the difference between the two sensors placed at the inlet and outlet of the pump. An ultrasonic flow meter was clamped around the tubing to measure the flow rate of the pump (Transonic, Ithaca, NY). The pressure sensors were each calibrated, and PowerLab (ADInstruments, Colorado Springs, CO) was used as the interface to accept analog information from the sensors and convert this to digital data. LabChart (ADInstruments, Colorado Springs, CO) software was used for reading and exporting the digital data. Pump performance measurements were compiled by starting with the variable flow control at its maximum position and measuring the pressure differential across the pump. The variable flow control was then progressively closed to decrease the flow and observe correspondingly increased pressure across the pump. This process was repeated until the flow was zero and the pressure generation was maximized.
Results

Prototype 1
Prototype 1 was constructed to provide a functional proof of concept demonstrating successful operation of magnetic coupling. This prototype measured 20 mm and incorporated a radial outlet. Figure 1 shows the completed computer-aided design models of the first prototype, with various magnetic coupling and impeller configurations. Several magnetic arrangements were explored, including alternating versus continuous polarities, axial versus radial polarities, cylindrical versus tubular orientations, and bar versus arc segments. Bench top testing demonstrated stronger coupling for continuous polarities as compared with alternating polarities; however, as the number of continuous segments increased, this resulted in greater asymmetry of the impeller relative to the drive shaft. Tubular drive shaft magnets resulted in the highest coupling, but likewise showed the greatest asymmetry due to its magnetic pole distribution into two functional segments. Radially magnetized components showed increased coupling strength compared with axially magnetized components. Arc segments showed increased strength in comparison with bar segments, but bar segments provided greater versatility for manufacturing.
Prototype 2
Prototype 2 measured 14 mm in diameter and was developed to test magnetic coupling of the device at a smaller pump footprint. A 12 mm brushed dc motor was used to drive the magnetic coupling system. This prototype utilized a radial outlet. The design models for the second prototype are shown in Figure 2 , demonstrating an intermediately scaled version with a bar magnet configuration. The prototype demonstrated the ability of the impeller to remain coupled to the drive shaft magnets up to the current limit of the motor for both the proximal impeller blade configuration and the distal blade configuration. Demonstrate magnetic coupling with four radially polarized 1 mm arc magnets at miniaturized scale. Prototype 3 measured 8 mm in diameter. 4 Improve rheological signature with redesigned axial outlet and integrated diffusor to provide increased forward flow of fluid by increasing the pressure generated. 5
Improve rheological signature with integrated diffusor combined with outlet flow straightener to provide better axial flow and inducer to properly stabilize impeller.
Five early prototypes were designed and constructed to iteratively minimize the pump size and improve fluid dynamic performance. Various geometric parameters and magnetic coupling configurations were tested.
Prototype 3
Since the femoral artery in an adult > 40 years old is approximately 8.2 mm inner diameter, 15 an 8 mm overall diameter version of the pump (Prototype 3) was next developed to meet this percutaneous size constraint. The design consisted of four radially polarized 1 mm arc magnets attached to the drive shaft of the motor. A spacing of 250 um between magnets and housing components was selected to minimize dimensions and maximize coupling strength, while allowing sufficient space for free mobility of the rotating components. The computeraided design models developed from this schematic are shown in Figure 3 . Initial 3D-printed prototypes demonstrated high structural instability of the pump housing, so a CNC-machined version of the pump housing was developed, which was made from a cylindrical shell press fitted with an enclosing cap for the magnetic coupling elements. Although titanium is an ideal material for a finalized product, aluminum was used for initial development due to its simplicity for manufacturing, material strength, and low cost. The CNC-machined prototype is shown in Figure 4 . Bench top testing showed successful operation of the pump with adequate magnetic coupling. However, early flow loop testing demonstrated low fluid dynamic performance, so the rheological signature of the pump was optimized in subsequent prototypes.
Prototype 4
Prototype 4 was redesigned for an axial outlet, utilizing a diffuser both for improvement of the rheological signature as well as for anchoring the motor within the center of the pump. The motor utilized was 6 mm in diameter, which allowed a channel for fluid movement. The diffuser provided increased forward flow of fluid and increased the pressure generation of the pump. Figure 5 shows the completed computer draft of prototype 4, including the impeller, diffuser, pump housing, and adapters for connecting the pump to the tubing. This prototype provided a flow rate of approximately 2.4 L/min at 12,000 rpm. Further increases in pump performance were limited by reaching the maximum current threshold for the pump, which seemed to be most likely attributed to torque losses as well as friction losses due to minor manufacturing imperfections present at this stage of development.
Prototype 5
Due to current limiting of the previous version, prototype 5 utilized a larger motor to allow for increased power for preliminary bench top testing. Figure 6 shows the completed design model for this prototype. This version included a redesigned impeller to decrease torque losses as well as to reduce stress on the leading blade edges. An inducer was included at the inlet, which served an additional purpose of stabilizing the impeller at the current stage of development where micro-scale imperfections in manufacturing could result in imbalances of the impeller. Prototype 5 included an improved diffuser and outlet flow straightener to provide exclusively axial flow. Additionally, this prototype included a tapered outlet to prevent pressure losses. The functional prototype produced a maximum flow of approximately 4 L/min at 10,000 rpm.
Power Testing
The 6 mm motor's power profile was investigated for prototype 4. The motor speed was varied from 3,000 rpm to 12,000 rpm in increments of 1,000 rpm. The current limit of the motor was reached at a speed of 11,000 rpm, corresponding to a power consumption of 2.94 W for a flow rate of 2.3 L/min. The next increment at 12,000 rpm resulted in a maximum power consumption of 3.3 W for a flow rate of 2.4 L/min, though the pump's speed was quickly diminished as the current limit was exceeded. As expected of the pump affinity equation for power (P2/P1 = [N2/ N1]^3), the relationship between increasing motor speed and power consumption followed an exponential relationship, as depicted in Figure 7 . The current limit is shown after 11,000 rpm as the drop-off from the exponential curve after this point.
Pump Performance Testing
Pump performance curves were acquired for prototypes 4 and 5. We performed preliminary flow loop testing at lower speeds of 5,000-10,000 rpm for prototype 4, due to current limiting of the motor resulting from friction losses. Pressure rise versus flow rate curves are demonstrated in Figure 8 for pump speeds of 5,000, 6,000, 7,000, 8,000, 9,000, and 10,000 rpm. At a pump speed of 10,000 rpm, the maximum flow rate was 2.1 L/min, and the shut-off pressure was 20 mm Hg. The increasing speed curves show close adherence to the affinity law relationship for pressure (H2/H1 = [N2/N1]^2) and flow rate (Q2/Q1 = [N2/N1]), as is seen by comparing the respective curves for 5,000 and 10,000 rpm. Extrapolating these curves to the optimum pump speeds used in the simulations, this corresponds to a flow rate of ~3.6 L/min for 100 mm Hg at 26,600 rpm and a flow rate of ~1.0 L/min for 100 mm Hg at 23,600 rpm.
Similarly, the analogous preliminary flow loop testing was carried out for prototype 5, using the lower speeds of 5,000-9,000 rpm. The corresponding curves are shown in Figure 9 , illustrating the relationship between flow rate and pressure Figure 6 . Computer-aided design model of prototype 5 optimized from prototype 4 by including a larger motor to allow for increased power consumption, a redesigned impeller to decrease torque losses as well as to reduce stress on the leading blade edges, a redesigned diffuser with outlet flow straightener incorporated to provide better axial flow, a inducer to compensate possible imbalances caused by micro-scale imperfections in manufacturing, and a tapered outlet to prevent pressure losses. Preliminary bench top pump performance curves for prototype 4 at lower speeds of 5,000-10,000 rpm. Relationship between pressure and flow closely adheres to the affinity law, showing that a flow rate of ~3.6 L/min for 100 mm Hg at a pump speed of 26,600 rpm and a flow rate of ~1.0 L/min for 100 mm Hg at a pump speed of 23,600 rpm can be reached when the curve is extrapolated to the optimum pump speed. Figure 9 . Preliminary bench top pump performance curves for prototype 5 at lower speeds of 5,000-9000 rpm. Relationship between pressure and flow closely adheres to the affinity law, showing that a flow rate of ~5.7 L/min for 100 mm Hg at a pump speed of 23,600 rpm and a flow rate of ~3.2 L/min for 100 mm Hg at a pump speed of 20,300 rpm can be reached when the curve is extrapolated to the optimum pump speed.
rise for the various pump speeds. The maximum flow rate at 9,000 rpm was 3.0 L/min. The shut-off pressure condition at this speed resulted in current limitation of the motor, so the recorded value was 37 mm Hg instead of the expected value of approximately 45 mm Hg from the curve (grey dashed line). Once again, there was close adherence to the affinity law relations for pressure and flow rate. Extrapolating these curves to the simulation pump speeds result in a flow rate of ~5.7 L/min for 100 mm Hg at a pump speed of 23,600 rpm and a flow rate of ~3.2 L/min for 100 mm Hg at a pump speed of 20,300 rpm.
Discussion
The clinical implementation of a wireless percutaneous LVAD could drastically improve clinical outcomes of advanced heart failure patients by eliminating procedural complications of the current implantation procedure, significantly diminishing recovery time, and eliminating the risk for driveline infection. We have designed and developed several early prototypes of a miniaturized magnetically coupled LVAD that does not rely on a transcutaneous purge line, which could ultimately allow for a fully wireless and tether-free minimally invasive solution.
Our goal was to demonstrate proof-of-concept and early feasibility, investigating optimum design features as initial steps toward formalized device development.
Five physical prototypes were constructed. Prototype 1 was a plastic 3D-printed 20 mm diameter model and proved the concept of magnetic coupling at a larger dimensional scale. Prototype 2 was scaled down to 14 mm and demonstrated successful magnetic coupling of the drive shaft and impeller at an intermediate size. Prototype 3 utilized CNC machining techniques to validate the ability to produce a functional prototype at the percutaneous scale. Prototype 4 improved the fluid performance by integrating a diffuser with an axial outlet. Prototype 5 consisted of a flow straightener, an improved impeller, a higher power motor, and resulted in further improvement of the fluid performance of the pump.
Flow loop testing for prototype 4 at the lower speed range showed a maximum flow rate of 2.1 L/min at 10,000 rpm and a shut-off pressure of 20 mm Hg, which correspond to a flow rate of 3.6 L/min at 100 mm Hg for a speed of 26,600 rpm. Analogous testing for prototype 5 along the lower speed range demonstrated a maximum flow rate of 3.0 L/min and a shutoff pressure of ~40 mm Hg, corresponding to a flow rate of 5.7 L/min at 100 mm Hg for a pump speed of 23,600 rpm. Both sets of curves showed high adherence to the pump affinity relationships.
There are several optimizations that can be made to further improve the performance of the pump. One of the key factors diminishing the efficiency of the pump is friction loss attributed to the rotating components. These specific areas include the drive shaft magnets against the inner lumen of the enclosing cap, the impeller magnets against the outer lumen of the enclosing cap and inner lumen of the pump housing, and the impeller surface against the inner lumen of the pump housing. In an ideal manufacturing environment, perfect alignment of the driving magnets onto the motor as well as the driven magnets onto the impeller should allow full alignment of the drive shaft and impeller, resulting in complete balance and suspension of the magnetic coupling units without any contact with the magnetic coupling cap or the pump housing. At the current stage of manufacturing, manual assembly of these magnetic components results in sub-millimeter imperfections that disrupt optimal alignment. Implementing a more precise manufacturing technique for assembling the magnets would be the definitive solution for this issue. In the meantime, the use of low-friction materials or coatings for the magnetic coupling cap and inner lumen of the pump housing, such as polytetrafluoroethylene, can serve as a temporary short-term solution to decrease friction losses.
Additionally, improving the impeller can substantially increase the efficiency of the driving motor. The majority of miniature brushless dc motors show optimal efficiency at higher speeds greater than ~20,000 rpm. Although a large cross-sectional area of impeller blade contact with the propelled fluid maximizes the flow, it increases the torque required for the motor and thus results in limitations to lower speeds below the range of optimum efficiency. Therefore, the efficiency can be greatly improved by decreasing the torque of the impeller blade against the fluid until an optimal balance is reached closer to the maximum efficiency speed of the motor. Also, if future flow trajectory simulations of the area between the impeller magnets and drive cap demonstrate stasis, a fluid washout channel can be implemented into the impeller design by making an extruded narrow cylindrical cut along the axial dimension of the impeller.
In summary, we have designed, developed, and tested a functioning proof-of-concept prototype of a miniaturized percutaneous LVAD capable of wireless power operation. Future technical optimizations in pump performance will allow for in vivo testing, with the ultimate goal of eventually providing advanced heart failure patients with a minimally invasive tether-free solution.
